Abstract-In this final portion of an extensive review of heart valve engineering, we focus on the computational methods and experimental studies related to heart valves. The discussion begins with a thorough review of computational modeling and the governing equations of fluid and structural interaction. We then move onto multiscale and disease specific modeling. Finally, advanced methods related to in vitro testing of the heart valves are reviewed. This section of the review series is intended to illustrate application of computational methods and experimental studies and their interrelation for studying heart valves.
INTRODUCTION
Over the past two decades, computational modeling and experimental studies have been used as powerful tools to understand and predict the behavior and mechanics of native and prosthetic heart valves in normal and pathological conditions. These studies have aided the assessment of heart valves, interventional and surgical procedures, heart valve design, and general understanding of healthy and abnormal cardiac valve function.
To be viable, computational models must be evidently based on an accurate representation of the mechanical behavior of the valves' material and flow passing through the valves. Native heart valve leaflet tissue has many important biomechanical attributes contributing to its elastic response to the loads along with a viscous reaction that damps out flow-related vibrations, making its overall response as viscoelastic. Nonetheless, water comprises a major fraction of the collagenous tissue by weight and is tightly bound to the fibrous network; hence the heart valve tissue behaves nearly or completely incompressible. Moreover, the aligned fibers of the leaflet tissue make the stress-strain response highly anisotropic. 14 The waviness of the fibers also significantly affects the stress-strain response. 156 A constitutive model for heart valve tissue must incorporate important features of the heart valves. Namely it should describe a pseudoelastic, incompressible, anisotropic, nonlinear material. Extensive work has been devoted to developing constitutive equations to describe the mechanics of the heart valve leaflet tissues. 119, 144, 156, 157, 159 Different derivations for the stressstrain behavior of the heart valves have been attempted, which treat the structure of the native tissue using different approaches ranging from phenomological models that include no information about the structure to unit-cell models that are completely derived from network structure as extensively described by Weinberg and Kaazempur- Mofrad. 156 In this final section of a four-part review series, we focus on the various aspects of computational modeling and experimental studies related to heart valves. Ranging from pure computational models to in vitro studies, modeling is an important component of the armamentarium of those who study and design heart valves.
COMPUTATIONAL MODELING
Native and prosthetic valve leaflets are thin, flexible structures that are passively carried by the blood flow while also applying forces to the blood that affect the fluid motion and, thereby, the motion of the leaflets themselves. Static or quasi-static valve models can be used to study the mechanics of native and prosthetic valve leaflets, and standard computational fluid dynamics (CFD) approaches can be applied to study the flow patterns and fluid stresses resulting from imposed or measured leaflet kinematics. 132 Alternatively, predicting the kinematics of the valve leaflets, or the dynamic interaction between the valve leaflets and flow, requires a fluid-structure interaction (FSI) approach. Such dynamic models can be used to simulate the conditions that ultimately lead to the deterioration of the bioprosthetic valve leaflets, and validated FSI models could thereby be used to help to develop improved leaflet designs with durable lifetimes that are longer than present bioprosthetic valves.
Several computational challenges must be addressed when developing FSI models of heart valves. For instance, the valve leaflets experience large displacements and strains during the cardiac cycle. Further, FSI models that seek to model realistic loading of the closed valve must account for contact between the leaflets. Native and bioprosthetic valve leaflets generally exhibit a complex, nonlinear stress response that requires mathematical formulations appropriate for finite-strain structural models. Finally, the high Reynolds number flows characteristic of the heart valves, especially the aortic and pulmonary valves, generally necessitates the use of very high spatial resolution to resolve the flow features. Despite substantial work over several decades, the development of computational approaches that address all of these challenges remains an area of active investigation.
Governing Equations
The same fundamental equations of fluid-solid interaction can be used to describe the dynamics of native, bioprosthetic, and even mechanical heart valves. Let X & R 3 denote the computational domain, with X f ðtÞ & X indicating the physical region occupied by the fluid at time t, X s ðtÞ & X indicating the physical region occupied by the solid, and X ¼ X f ðtÞ [ X s ðtÞ. The fluid-structure interface is
is the boundary of X s ðtÞ and C f t ð Þ is the boundary of X f ðtÞ. Finally, let u f ðx; tÞ be the velocity of the fluid at position x 2 X f ðtÞ at time t, and let u s ðx; tÞ be the velocity of the structure at position x 2 X s ðtÞ at time t. To simplify notation, we shall generally omit the superscripts ''f'' and ''s'' on the velocity field. Instead, we identify uðx; tÞ as the velocity of whichever material happens to be located at position x at time t.
The equations of momentum conservation for the fluid and solid are:
in which q f and q s are, respectively, the mass densities of the fluid and solid, r f x; t ð Þ and r s x; t ð Þ are the (Cauchy) stress tensors of the fluid and the solid, and DðÁÞ Dt ¼ @ðÁÞ @t þ u x; t ð Þ Á rðÁÞ is the material (convective) time derivative. The fluid and structure may both be modeled as incompressible, so that
Typical coupling conditions for the fluid and structure regions are that of the velocity and traction, and are continuous along C fs t ð Þ, i.e.,
in which n is a unit normal vector along C fs t ð Þ. Boundary and initial conditions, which we omit here, are required to complete the specification of the equations of motion.
Modeling the Fluid
For the flows in the vicinity of the heart valves, blood is typically described as an incompressible Newtonian fluid, so that the fluid stress tensor is
in which l is the (constant) dynamic viscosity of the fluid and p x; t ð Þ is the pressure. In this case, the dynamics of the fluid in X f ðtÞ are modeled by the incompressible Navier-Stokes equations,
This assumption is generally sound because flow through the heart valves entails to higher Reynolds numbers (greater than 1000), therefore, granularity of the blood and other non-Newtonian characteristics of the blood can be neglected. However, it is important to consider that flow through the heart valve in fetal and embryonic stages may require considering the nonNewtonian properties of the blood since the ratio of the size of the red blood cell (RBC) to the valve lumen could be high, depending on the developmental stage. Furthermore, various generalized Newtonian and fully non-Newtonian models have been proposed 25 to describe the shear-thinning and viscoelastic properties of blood. 22, 150, 151 To date, the use of non-Newtonian descriptions of blood in adult models of heart valve dynamics has been somewhat limited. CFD simulations of blood flow through mechanical valves have been performed that describe blood as a power-law fluid, 5, 166 a particular type of generalized Newtonian model that can capture the shear-thinning properties of blood.
Structural Modeling
Native and bioprosthetic heart valve leaflets undergo large structural deformations, making it appropriate to use a nonlinear continuum mechanics framework 69, 120 to describe their material response. 69, 120 Let X denote material coordinates on the leaflets in a reference configuration, which without loss of generality, we take to be the initial configuration, X 0 s ¼ X s ðtÞj t¼0 . The physical position of material point X at the time t is denoted vðX; tÞ 2 X s ðtÞ. Because u x; t ð Þ is the velocity of the material at position x at time,
Let J X; t ð Þ ¼ detðF X; t ð ÞÞ be the determinant of the deformation gradient tensor F X; t ð Þ ¼ @v @X X; t ð Þ. Because r Á u x; t ð Þ ¼ 0, @J @t X; t ð Þ ¼ 0, and because the reference coordinates are taken to be the initial coordinates, the incompressibility constraint implies that J X; t ð Þ ¼ 1 for all t. At least over the time scale of the cardiac cycle, bioprosthetic valve leaflets can be well approximated as hyperelastic (over much longer time scales, it is necessary to adopt a description that can account for leaflet deterioration). The material response of a hyperelastic material is characterized by a strain-energy functional WðFÞ of the deformation gradient F. The corresponding first Piola-Kirchhoff stress tensor is 69, 120 PðX; tÞ ¼ @W @F ðX; tÞ:
The Cauchy stress r s x; t ð Þ is related to P X; t ð Þ via
in which pðx; tÞ is a Lagrange multiplier for the incompressibility constraint and v À1 x; t ð Þ is the material coordinate corresponding to physical coordinate x at time t. Various strain-energy functionals have been developed to describe heart valves, 156 including native 106 and bioprosthetic 84, 85 valve leaflets. To determine the stress distribution within the leaflets in a static or quasi-static configuration, the fluid dynamics and the momentum of the solid may be neglected to solve the equilibrium problem:
In this case, fluid loading would appear as boundary conditions on C s . For thin structures such as valve leaflets, it may be more efficient to describe the mechanics and kinematics using shell theories, 7 although a review of such descriptions is beyond the scope of this article.
In case of a mechanical valve, the kinematics of the leaflets is, to an excellent approximation, those of a rigid body. For such a body, the velocity is given by:
in which U t ð Þ and W t ð Þ are the linear and angular velocities of the rigid body, respectively. For these kinematics, the rate of strain tensor d u
For a rigid body, the structural stress r s x; t ð Þ becomes a Lagrange multiplier for the rigidity constraint d u ½ x; t ð Þ ¼ 0, 122, 143 just as p x; t ð Þ is a Lagrange multiplier for the incompressibility constraint r Á u x; t ð Þ ¼ 0. Stated more informally, the solid stress r s x; t ð Þ takes whatever value needed to ensure that the structure moves as a rigid body.
Numerical Methods
Approaches to simulating FSI may be roughly grouped into techniques that employ body-fitted grids for the fluid and structure, and methods that use nonconforming discretizations of the fluid and structure. Perhaps the most widely used methods in engineering practice for simulating FSI are based on arbitrary Lagrangian-Eulerian (ALE) formulations. 41, 118 ALE methods for FSI problems are extensions of conventional finite element (FE) methods that treat the governing equations of conservation of momentum (Eqs. (1) and (2)), along with the coupling conditions (Eqs. (4) and (5)), using disjoint, dynami-cally updated meshes for the fluid and structure regions. These methods enable the sharp resolution of velocities and stresses at fluid-structure interfaces, and facilitate the construction of graded meshes that can efficiently resolve fluid boundary layers. A substantial computational difficulty associated with ALE methods for FSI is the use of conforming geometrical descriptions of the fluid and structure grids, which necessitates frequent grid regeneration. It is also challenging to handle contact between solid bodies with ALE schemes. Despite these difficulties, ALE methods have found use both in experimentally-verifiable benchmark models 131 and in more realistic heart valve geometries. 28, 30, 117 Two closely-related approaches to FSI that do not require the use of disjoint, geometrically-conforming descriptions of the fluid and structure regions are fictitious domain 57, 168 and immersed boundary (IB) 126 methods, which both avoid the grid generation related difficulties of ALE schemes. In typical fictitious domain methods such as the method of distributed Lagrange multipliers (DLM), 57, 168 distinct momentum equations are solved on both fluid and structure meshes. In the continuum equations, the velocity of the structure and fluid are required to match where these regions overlap; in the discrete equations, these matching conditions are approximately imposed by Lagrange multipliers that act as a forcing term in the momentum equations. Thus, in DLM methods, there is generally some relative slip between the fluid and structure, and this feature of the method seems to complicate simulations involving contact. By contrast, IB-type methods typically employ only a single momentum equation for both fluid and structure, and the no-slip condition is used directly to determine the motion of the immersed solid body. Consequently, all structures move according to a common continuous velocity field. This implies that disjoint structures cannot interpenetrate each other, at least in the semi-discrete case in which time is continuous. Thus, IB models of the heart valves readily handle contact between leaflets without using an auxiliary contact model. 58, 62 The conventional limitations associated with fictitious domain and IB-type methods are that they yield relatively low accuracy at fluid-solid interfaces. Accordingly, well-resolved three-dimensional simulations require high spatial resolution that presently necessitates the use of high-performance computing resources. The IB method was introduced to model heart valves, 124, 125 and both fictitious domain [37] [38] [39] [40] 147 and the IB methods 50, 54, [59] [60] [61] [62] 100, 101, 110, 111, 121, 127 have been used substantially in modeling heart valve dynamics.
Immersed Boundary Methods for Elastic Structures
The IB formulation of the equations of motion (Eqs. (1) to (5)) adopts a Lagrangian description of the deformations and elastic stresses of the immersed solid along with an Eulerian description of the momentum, incompressibility, and viscous stresses of the coupled fluid-structure system. 126 Integral equations with Dirac delta function kernels couple the Lagrangian and Eulerian frames, and when the equations of motion are discretized for computer simulation, the singular delta function kernel is generally replaced by a suitable regularized delta function. 126 Assuming that the mass density of the fluid is equal to the mass density of the structure, so that q f ¼ q s ¼ q, and that the solid is viscoelastic with the same viscosity as the fluid, the equations of motion for the coupled fluid-structure system may be written as
in which f x; t ð Þ is the Eulerian elastic force density that accounts for the solid stresses, N X ð Þ is the outward unit normal to C 0 s , and d x ð Þ ¼ dðxÞ dðyÞ dðzÞ is the threedimensional delta function. Notice that the fundamental property of the Dirac delta function implies that
Furthermore, for this IB formulation of the equations of motion, the solid stress r s is 51
With these assumptions on the form of r s x; t ð Þ and the mass densities of the fluid and structure, this IB formulation can be shown to be equivalent to the more standard formulation described earlier on governing equations. 51 It is possible to extend this formulation to allow the density of the structure to be different from that of the fluid and to remove the viscosity of the immersed solid. 43, 44, 86, 87, 116, 169 However, since heart valve leaflets are quite thin such extensions -the density differences-are not required to simulate heart valve dynamics. Accordingly, it is natural to use nonlinear finite element (FE) methods 11, 20 to discretize the Lagrangian equations. 18, 51 Simulation results obtained using an IB/FE model of the aortic root are shown in Fig. 1 .
Immersed Boundary Methods for Rigid Structures
The IB formulation of FSI problems involving immersed elastic bodies can be extended to treat rigid bodies such as mechanical heart valve leaflets. One approach, introduced by Peskin and Kim (unpublished), employs two different deformation mappings from reference coordinates to current coordinates, say v X; t ð Þ and / X; t ð Þ. The dynamics of one of mappings are determined by the material velocity field u x; t ð Þ, so that
whereas the dynamics of the other are required to be that of a rigid body, i.e.,
A penalty force can then be introduced to approximately impose the constraint,
which implies that the immersed body moves as a rigid body. The resulting equations of motion are
in which j is a penalty parameter and F X; t ð Þ is the (Lagrangian) penalty force that approximately imposes the rigidity constraint. In the limit of j fi ¥, v X; t ð ÞÀ/ X; t ð Þ k k fi 0 and the rigidity constraint are imposed exactly. If the mass density of the rigid body is greater than that of the fluid, the dynamics of U t ð Þ and W t ð Þ are determined from the requirement that the rate of change of the ''excess'' linear and angular momentum is proportional to the net force and torque acting on the body, i.e.,
in which the excess linear and angular momentum are, respectively PðtÞ ¼qUðtÞ; ð32Þ
f is the excess mass density of the solid and Iq is the corresponding moment of inertia tensor. For a neutrally buoyant body,q ¼ 0 and UðtÞ and WðtÞ are determined directly from the requirement that there should be no net force or torque on the immersed rigid body. Simulation results obtained using this IB/ FE formulation for immersed rigid bodies are shown in Fig. 2 for a model of a mechanical prosthetic valve.
Validation
There is a clear need for the systematic verification and validation of FSI models of native and prosthetic heart valves, both in comparison to benchmark experimental data and also to clinical imaging data. Substantial challenges still remain. As part of its Critical Path Initiative, the U.S. Food and Drug Administration (FDA) has been working to determine the role of computational fluid dynamics (CFD) in regulation of the cardiac devices. An initial FDA study compared CFD predictions of flow through an idealized cardiovascular device to experimental particle image velocimetry (PIV) data of flow through the same device. 145, 146 Numerical results from 28 independent computational groups were compared to data acquired by three experimental laboratories. The experimental data were in good agreement, but substantial discrepancies existed among the numerically predicted velocities and shear stresses in comparison to the experimental data. Furthermore, large discrepancies were observed between the predictions of different numerical models. Accurate modeling of the shear stress is especially important for predicting device safety because shear stress is used as a proxy for blood damage (hemolysis) and, in more complex models, ''triggers'' the accumulation of damage.
Currently, FSI valve models have been validated almost exclusively by comparison to in vitro experimental data, 30, 35, 52, 53, 131, 147 and in most of these cases, the model corresponds to a mechanical valve rather than a flexible native or bioprosthetic valve. Furthermore, these comparisons to experimental data focus on the opening and forward-flow phases, and generally do not consider valve closure. Direct comparisons of valve models to clinical data are largely unreported in the literature. There appear to be relatively few FSI valve models that can perform multiple cardiac cycles and also simulate the closed, loaded configuration of the valve, 49, 58, 62 presumably due to the computational challenges associated with simulating contact between thin flexible structures under realistic transvalvular pressure loads. Such models also have not yet been subjected to substantial validation for valve closure's mechanism. Closure seems to be especially challenging to simulate because it fundamentally involves a delicate balance between the fluid dynamics and elasticity of the valve's leaflets. Obtaining fully resolved simulations of valve closure seem to require higher-resolution simulations than that of presently feasible, and we FIGURE 2. Simulation results obtained using a three-dimensional FSI model of a mechanical aortic valve prostheses mounted in a commercial pulse duplicator (Vivitro Systems, Inc.) using an IB/FE approach to modeling rigid bodies. 60 (a) Opening dynamics (b) prescribed driving pressure (blue) and computed loading pressure (green), and (c) computed flow rate.
anticipate that such simulations will motivate the development of improved numerical methods for FSI.
MULTISCALE MODELING
In recent years, major efforts have been made towards creating functional models of the heart valves that relate different scales to each other's. 29, 144, 160 Given the multiscale nature of the valve biomechanics, linking the organ scale to tissue and cell scales and ultimately to molecular scales, should lead to a full understanding of the disease mechanisms and processes. This would necessitate multiscale models that can seamlessly span and link these disparate scales (see Fig. 3 ). 160 With recent advances in computational technologies, it is becoming increasingly possible to develop patient-specific models that can be used for better design and evaluation of surgical interventions as well as prediction of progression of heart valve disease and catastrophic failure of the prosthetic valves. This necessitates incorporating geometrical, structural and mechanochemical attributes of the disease. As a first step in this direction, multiscale models of the bicuspid and tricuspid aortic valves with regards to calcific aortic stenosis have been developed (see Fig. 4 ). 161 While the aortic valve is naturally comprised of three cusps and their surrounding tissue, some patients are born with a bicuspid aortic valve. It is well known that these patients are more likely to develop a calcific aortic stenosis than their cohorts with normal tricuspid aortic valves. 167 In a healthy heart valve, each cusp is thin and pliable while in calcific aortic stenosis, the calcified nodules develop and spread across the cusps. It is currently not known whether the risk increase in calcific aortic stenosis is due to the geometric differences between the tricuspid and bicuspid valves or whether it is because of the same underlying genetic conditions that produce the geometric difference. Weinberg et al. employed multiscale models of the aortic valve and isolated the effect of one geometric factor, namely the number of cusps, to explore its effect on multiscale valve mechanics, with regards to calcific aortic stenosis. 161 The bileaflet and trileaflet aortic valves were modeled by a set of simulations describing the cell, tissue, and organ length scales. These models were linked across the length scales to create a coherent multiscale model. At each scale, the models are three-dimensional and dynamic, incorporating accurate nonlinear constitutive models of the valve leaflet tissue. Results were compared between the two valve types at each length scale. At the cellular scale, the region of interest was the location where calcification develops, near the aortic-facing surface of the leaflet. The simulations showed the expected differences between the tricuspid and bicuspid valves at the organ scale: the bicuspid valve shows greater flexure in the solid phase and stronger jet formation in the fluid phase compared to the tricuspid valve. However, at the cellular scale, the models suggested that the region of interest may be shielded against strain by the wrinkling of the fibrosa layer. 112 Thus, the cellular deformations were not significantly different between the bileaflet and trileaflet aortic valves in regards to the calcification-prone regions. These results suggested that the difference in calcification observed in the bileaflet vs. trileaflet aortic valve may be primarily due to the factors other than the simple valve's geometry. 161 In calcific aortic stenosis calcified nodules progressively stiffen the cusps. The local mechanical changes in the cusps, due to either normal aging or pathological processes, affect the overall valve function. Weinberg et al. developed a computational model for the aging aortic valve that connects local changes to overall valve function. 162 In this model, the aging and calcification processes were simulated by varying the thickness and extensibility of the leaflets (see Fig. 5 ). This simulation was the first analytical tool to describe the temporal behavior of aortic valve calcification.
DISEASE SPECIFIC MODELING
A combination of computational and experimental studies is needed to capture the underlying mechanisms of heart valve disease. It has been shown that the hemodynamic environments from opposing sides of the human aortic valve leaflets evoke distinct endothelial phenotypes in vitro. 158 While the cellular and molecular mechanisms leading to valvular pathogenesis remain unknown, the effect that the hemodynamic environment imposes on valvular endothelial cells, as well as the valve structure and function, has gained recent attention. The researchers described the specific shear waveforms to which the two sides of the aortic valve cusp are subjected to, and thus recreated the specific hemodynamic environment of the valve surfaces in vitro. The shear waveforms applied by the blood flow to the aortic and ventricular sides of the valve endothelium were extracted from computational models and applied to cultured human endothelial cells in order to investigate whether these waveforms influence endothelial gene expression. Using this in vitro model, the cells exposed to the ventricular waveform were found to display an anti-inflammatory endothelial molecular phenotype, compared to cells exposed to the waveform from the aortic side of the leaflet.
An emerging area in computational and theoretical modeling of the heart valve involves the simulation of active mechanochemical processes underlying the valvular disease. Detailed understanding and predic- tion of the diseases mechanisms requires a detailed appreciation of the molecular pathways that link the leaflet tissue mechanics to the signaling networks. These networks carry the extracellular signals to the participating cells and their nuclei to elicit the biological response that ultimately yields the initiation and progression of a disease. To understand valvular disease, we need to understand the mechanisms through which external factors/signals influence the biological response of the valvular cells and their consequent mechanotransduction signals that are transduced to the underlying proteins. 71, 113 These in turn lead to conformational changes in individual proteins that elicit biological responses reflected in the valve disease.
Computational methods are essential that range from large-scale, whole valve models down to molecular dynamics models of proteins. Such models are needed as the mysteries of valvular disease are unraveled.
EXPERIMENTAL EFFORTS

In vitro Calcification Assessment
Structural degradation and dysfunction is the predominant cause of failure of tissue-based heart valves. Glutaraldehyde fixation of the leaflets, which is a required process in manufacturing bioprosthetic valves, has been shown as a mechanistic factor responsible for bioprosthetic cuspal calcification. 2, 93 The dystrophic hydroxyapatite deposition is mainly initiated by the devitalized, residual cellular matter in the pericardial leaflets. Plasma membrane-associated phosphorus interacts with the calcium in the extracellular fluid, causing calcium phosphate to be deposited on the tissue. 152 Following calcification, secondary tears, cuspal stiffening, and pure stenosis may also occur, leading to valve failure.
Presence of valvular calcification in a patient is one of the most predictable factors that lead to the device failure. However, as mentioned earlier, predicting the factors that promote calcification is difficult. 140 Calcification assays in vitro can be performed using static and dynamic testers to study the factors that promote heart valve calcification. 12, 56, 155, 165 Dynamic in vitro testers are particularly useful in studying the process of calcification in bioprosthetic heart valves. 12 A dynamic testing apparatus consists of a fatigue tester or other oscillating chamber filled with a calcifying solution that contains a range of different simple salt solutions with physiological and supra-physiological concentrations of calcium and phosphate. 65, 75, 89, 141 Depletion of calcium and phosphate as well as calcium uptake by the valves' leaflets can be used to determine the rate and progression of passive calcification. 12 This uptake can be determined chemically or by imaging the tissue density. In addition to passive calcium/phosphate uptake experiments, the effects of surface defects such as roughness and cracks, and low and high flow shear rate on the calcification process of the bioprosthetic heart valves can be studied. 19 Imaging modalities such as X-ray and micro-CT have been used to quantify the degree of calcification of the experimentally treated tissues. Furthermore, more recent studies have used Inductively Coupled Plasma spectrometry and EDX (Energy Dispersive Xray) spectroscopy for quantification of calcification. 19 An example of this type of testing is monitoring the effects of polydimethylsiloxane (PDMS) on calcification in vitro. 32, 78, 104, 105 Scanning electron microscopy (SEM) and X-ray absorption near edge structure (XANES) were also used to investigate calcified native and bioprosthetic heart valves and to characterize morphology and chemical composition. 163 While in vitro calcification studies have been performed to test passive calcification deposition of the heart valves, it should be noted that these studies do not necessarily rule out the potential active calcification of the heart valves in vivo. 12, 102, 129, 139, 141 
Accelerated Wear Testing
Improper design features in prosthetic heart valves may result in dysfunction and even to catastrophic failure. 67 The harsh physiologic environment inside the heart along with the fact that a heart valve undergoes millions of opening and closing cycles requires careful in vitro testing to ensure the longevity of the implant. These tests must ensure that fatigue fracture and wear do not adversely harm the implant. During its lifespan, a bioprosthetic heart valve undergoes flexure of the valve cusps. This combines with cyclic compressive and tensile stresses, 153, 154 may result in tissue failure due to fiber disruption. 149 High pressure fixation of first generation of bioprosthetic valves in glutaraldehyde enhanced the durability of these valves but resulted in early calcification. 23, 48, 72, 74 The second generation of heart valves treated by zero to low pressure fixation (e.g., the Hancock II porcine valve, Medtronic, Inc, Minneapolis, MN, and the Carpentier-Edwards Perimount TM , Edwards Lifesciences, Irvine, CA), have been implanted in patients for more than two decades with minimal problem. 27, 36, 109 Alternatively, third generation of heart valves such as Carpentier-Edwards Magna model of the Perimount TM pericardial prosthesis (Edwards Lifesciences, Irvine, CA) and the Mosaic porcine valve (Medtronic, Inc., Minneapolis, MN) have only been implanted for approximately 13 years. 34, 73, 133, 134 , making it too early to determine their durability compared to older generations. 31 The loading conditions that a prosthetic heart valve is exposed to are very complicated and cannot be fully replicated by simple fatigue testing. For example, in transcatheter heart valves, loading conditions not only include leaflet bending, torsion, radial dilatation and compression, but also it requires testing the linear/transverse compression of the stent, its axial tension and compression. These parameters can also be significantly diverse for different valves. Therefore, in vitro testing must be validated in terms of applying the loads and deformations that a particular device will experience. To examine the structural reliability of heart valves, they undergo 400 or 600 M cycles which meet or exceed the cycles that the valve experience after implantation.
79 Table 1 shows the minimum cycles needed for testing as requited by regulatory agencies.
Regulations for approval of medical devices in the United States are governed by the Food and Drug Administration (FDA). For cardiac valve prostheses the FDA relies upon recommendations set forth by the International Organization for Standardization (ISO). The ISO's 5840, parts 1-3, outline the requirements for surgically implanted heart valve substitutes and heart valves implanted by transcatheter techniques. These requirements include hydrodynamic testing, durability testing and flow visualization. Hydrodynamic testing and flow visualization are performed to provide information on the fluid mechanical performance of the heart valve substitute and provide indicators of valve performance in terms of load to the heart and potential for blood stasis and damage. Hydrodynamic testing can be accomplished by using pulsatile flow, steady back-flow leakage testing and steady forward flow testing. Durability testing is typically completed using a robust high frequency durability tester (Fig. 6) . Finally, flow visualization can be accomplished by many imaging modalities, with particle image velocimetry (PIV) being a popular example. 45, 66, 81 By incorporating PIV, investigators can use pulsatile flows and quantify with a high degree of accuracy fluid dynamics such as shear stresses and turbulent shear stresses. 45 This allows for a quantitative assessment of the hemolytic and thrombogenic potential of the valve design in each position of intended use. 66, 82 IN VITRO CORROSION TESTING Similar to other implantable devices, heart valves are also subjected to corrosion, particularly the transcatheter heart valves that are enclosed by a metal stent. Degradation of the heart valve due to a reaction with its environment may cause catastrophic damage. It is therefore important to optimize the surface to ensure conditions that prevent degradation. Stented valves can be tested by electrochemical corrosion testing and advanced surface analysis. In addition, Auger Electron Spectroscopy (AES) can measure the surface oxide layer thickness, and in vitro testing can be beneficial for detecting corrosion byproducts. A promising corrosion test should be carefully designed to characterize the mechanism of corrosion as well as the interactions between the material properties, surface finish, manufacturing, device design, and operational conditions. ASTM F2129, ASTM F746 are among the commonly used methods for corrosion testing of medical devices. Furthermore, electrochemical impedance spectroscopy and electrochemical noise measurements can track corrosion during accelerated testing. 79 As required by FDA, the corrosion resistance of the material in a heart valve should be determined in a physiological environment and under stress before and after fatigue testing.
HYDRODYNAMIC ASSESSMENT OF HEART VALVES
Hydrodynamic testing of the heart valves is an important step for preclinical studies of a new device. Transvalvular pressure gradients, Reynolds stresses, particle residence time and shear stress that a heart valve generates have been identified performance indicators for these devices. Several complex experimental setups have been described in the literature that was used for hydrodynamic tests. The first velocity recordings for transmitral flow were performed by Bellhouse and Bellhouse to study valve closure in vitro. 10 They built a transparent model of left ventricle with a mitral valve and connected that to a pulsatile pump to simulate transmitral flow. Kheradvar et al. experimentally studied the effect of the profile height of the mitral bioprosthetic valves on transmitral flow in a heart flow simulator, which comprised of a silicone ventricle, shaped according to molds in systolic state of the left ventricle that was immersed in a closed Plexiglas water tank connected to a pulsatile pump. 82 A comparable setup was also used to quantify the mitral annulus dynamics and its association to transmitral vortex formation during rapid filling. 83 Another study by Pierrakos et al. compared the effect of heart valve implantation orientations (i.e., anatomical and anti-anatomical positions) using experimental fluid dynamics. 130 In that study, a piston-driven left ventricular simulator capable of adjusting the heartbeat and the volume flow rate was used. More recent systems have been described by Arjunon et al. 8 and Linde et al.
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PARTICLE IMAGE VELOCIMETRY OF HEART VALVES
Qualitative visualization of physiological flows by using tracer particles has been in practice for many years 95 and was originated in the drawings of Leonardo da Vinci. 92 Hot wire anemometry and laser Doppler velocimetry were used for quantitative in vitro flow studies. However, these methods were only capable of providing point-wise information. Image processing of the flow downstream of the heart valves was first introduced in late 1980s 1 and provided useful velocity field information. 1, 33, 96 After introduction of digital particle image velocimetry (DPIV), 164 the techniques ability to provide quantitative velocity information in vicinity of the prosthetic heart valves started a new era of flow analysis. 142 In 2004, Grigioni et al. 63 summarized laser techniques employed for the investigation of the fluid dynamics of artificial heart valves.
DPIV in its various forms such as time-resolved PIV and high speed DPIV (that does not require averaging the flow over multiple cycles) substantially improved our understanding from the flow past through the prosthetic heart valves (Fig. 7) . 17, 26, [45] [46] [47] 64, 66, 68, 76, 77, 88, 91, 97, 98, 103, 130, 138 However, PIV methods were mainly two dimensional until Bru¨cker introduced Stereo-PIV based on the use of two digital cameras and PIV algorithms to study the flow past artificial heart valves. 21 The testing requirements for performing stereo-PIV for characterizing the flow through mechanical heart valves has been well described by Morbiducci et al. 115 Another breakthrough in PIV was the development of defocusing digital particle image velocimetry (D-DPIV). 123 In D-DPIV, particle depth information is defined by quantifying the natural blurring of the particles as they move out of the focal plane. The D-DPIV technique uses three cameras and identifies the image shift produced by the apertures to measure the depth of the particle from each camera. D-DPIV has also been used to visualize the flow through artificial heart valves. 6 In that work, Amatya et al. identified 3D instantaneous and ensemble-averaged flow features around a mechanical and a silicone polymer valve. 6 More recently, multiplanar PIV (MPPIV) has been introduced to measure the flow in three dimensions. 46 This method uses two-dimensional, two-component velocity fields acquired on multiple perpendicular planes and reconstruct them into a 3D velocity field through Kriging interpolation and imposing the incompressibility constraint. 46 
COLLAGEN FIBER ORIENTATION AND COMPUTATIONAL MODELING
Accurate computational modeling of a heart valve requires incorporating important structural features such as how its collagen fibers are concentrated and aligned in the leaflets (Fig. 8) . Different collagen fiber directions affect the mechanical response of the FIGURE 7. Flow streamline downstream of a bileaflet mitral bioprosthesis 81 resulting from the velocity vector field obtained by DPIV. Vortices formed around the transmitral jet were visualized by high speed digital particle image velocimetry in a heart flow simulator. 45 Neutrally buoyant, orange fluorescent particles with the diameter in the range of 60-80 lm were used for seeding the flow. Streamlines are shown in mid diastole and are colored by velocity magnitude. Image is from Kheradvar Laboratory.
tissue, 3, 15, 114 making it important to consider in computer simulations of a heart valve. 24, 37, 135, 156 Early modeling of fiber efforts were performed by Peskin and McQueen who generated an array of fibers that functioned as an aortic valve. 128 Later studies used finite element analysis to study mechanically induced collagen fiber remodeling in the aortic heart valve. 42 In order to accurately model the dynamics and kinematics of a valve leaflet, collagen fiber orientation should be precisely considered in the model. Alavi et al. used advanced imaging tools such as SecondHarmonic Generation (SHG) microscopy to characterize the 3D collagen fiber arrangement of native valve leaflets and bovine pericardial tissue leaflets in response to a variety of different loading conditions. 3 They showed that the collagen fibers do not necessarily all align with the load in each layer throughout the depth of tissue. This insight improved our understanding of the pathophysiology of native valves in response to stress and can be used to develop more accurate constitutive and computational models of the heart valves.
Sun et al. modeled the quasi-static leaflet deformation of a bioprosthetic heart valve under quasi-static transvalvular pressures according to a Fung-elastic material model that incorporates the leaflet collagen fiber structure. 148 Kheradvar and Falahatpisheh 81 modeled a bileaflet mitral bioprosthesis according to a constitutive model by May-Newman and Yin 108 that takes into account the leaflet's fiber direction:
where W is the strain-energy function, and c i (i = 0, 1, 2) are the independent material constants that characterize the deviatoric deformation of the leaflet material. 159 
MATERIAL MODELS AND BIAXIAL STUDIES
For several billion cardiac cycles, mitral and aortic valves -in contrary to tricuspid and pulmonary valvesshould stand the high-pressure environment inside the left ventricle, and by design, possess high mechanical durability. Understanding the mechanical properties of heart valves is necessary to study valvular behavior and to design better prosthetic heart valves. Likewise, studying the leaflets' stress distributions can provide insight into mechanisms for pathological structural remodeling such as fibrosis and calcification. Considering that the stress cannot be directly measured in a heart valve, computational methods such as finite element analysis are needed to estimate it. To accomplish this, it is necessary to know the tissue microstructure, material behavior, loading conditions, and in vivo deformation. Material behavior of the leaflets is among the most important components required for estimation of the stress distribution. Using experimental setups to determine the tissue behavior and accordingly relate stress to deformation or strain is critical. Tensile testing has been extensively used to characterize the mechanics of the tissue. Uniaxial tension test was used to mechanically examine porcine mitral valve leaflets that showed the mitral valve tissue is a fiber reinforced composite and its stiffness is related to density and the direction of its fibers. 90 The relation between stress and strain for mitral valve leaflets has proven to be nonlinear, and the modulus of the leaflet adjacent to the chordae tendineae is 4-5 times greater than the center of the cusp. This was found based on examination of the uniaxial stress/strain characteristics of the mitral valve leaflets. 55 The locations of these regions are shown in Fig. 9 . More recently, Alavi et al. characterized the extracellular matrix organization of the atrioventricular (AV) valves in both stress-free and loaded conditions. 4 They found that in the stress-free state, the collagen distribution is significantly different in mitral and tricuspid valves. Furthermore, under the uniaxial loading condition, the fibers rearranged differently in each valve type, to a configuration according to their previous relaxed states. 4 According to the same study, the biaxial response of the AV valves was quite similar and found independent of their relaxed configuration. While uniaxial loading provides an insight to tissue leaflets behavior, it does not provide sufficient information for the material behavior of these anisotropic tissues. This is mainly due to the heterogeneity in the tissue microstructure that leads to anisotropic behavior. Humphrey and Yin developed a pseudostrain-energy function for the constitutive relations of passive cardiac tissue when the deformations are finite, 70 which can be fitted to the data obtained from biaxial testing. They assumed a pseudostrain-energy function, W C ð Þ, which in the following form can be written for both non-interacting densely distributed thin hyperelastic fibers and for homogeneous matrix:
where W m and W f are the energy stored in the matrix and the fibers, respectively. C ¼ F T Á F, is the right Cauchy-Green deformation tensor, and F is the deformation gradient tensor. It was also assumed that W f depends on C only through a fiber stretch ratio, a:
Considering the strain energy function, the general constitutive relation of the tissue in loading and unloading can be described as:
Green's strain, E, is computed from the deformation gradient tensor F:
Cauchy stress r is calculated from the first PiolaKirchoff stress P,
May-Newman and Yin 108 formulated a strain energy function according to the fibrous architecture of the mitral valve, which describes large deformation and nonlinear transversely isotropic behavior. Billiar and Sacks 13, 15 were the first to develop a constitutive model for the aortic valve using a specialized biaxial testing method designed for aortic valve cusp (Fig. 10 ) 136, 137 :
Here E CC , E RR , and E CR are in-plane Green's strain components; C and R are stretch ratios in the circumferential and radial directions; a is the shear angle. Using biaxial testing, it was shown that the circumferential elastic modulus of a porcine aortic valve leaflet is much larger than the radial elastic modulus due to the fact that the fibers alignment is mainly in the circumferential direction. 13, 16 Li et al. 94 developed another nonlinear anisotropic model for porcine aortic heart valves based on uniaxial experimental data and the properties of nonlinear composite. They showed that the anisotropic characteristics of the leaflet lead to significant changes in stress distribution. The location of the peak stress in an anisotropic leaflet was found to be different compared to an isotropic leaflet. Likewise, Bischoff et al. 16 developed a strain energy function based on the entropy change related to the deformation of constituent macromolecules to predict nonlinear orthotropic elastic behavior. They fit their model to biaxial data of a porcine aortic valve.
CONCLUSIONS
Presented here is a concise review of the computational methods and experimental studies developed for modeling of heart valves. With faster computers and more efficient numerical methods, computational modeling is becoming a mainstay in the design and development of heart valves. The advancements in experimental techniques such as particle image velocimetry and real-time imaging tools can provides avenues for validation of computational methods. Computational tools once validated with advanced experimental methods will make prediction of heart valve behavior in disease states possible. Future generation of prosthetic heart valves should also benefit with regard to design, development and testing from advanced modeling tools validated by cutting-edge experimental techniques.
